Abstract-Sub-diffraction imaging, also known as ultrasound localization microscopy, is a novel method that can overcome the fundamental diffraction limit by localizing spatially isolated microbubbles. This method requires the use of a low concentration of microbubbles to ensure that they are spatially isolated. For in vivo microvascular imaging, especially for cancer tissue with high microvascular density, spatial isolation cannot be always achieved, since vessels are close to each other and the speed of flow is slow.
I. INTRODUCTION
Photo activated localization microscopy (PALM) and stochastic optical reconstruction microscopy (STORM) use photo-switchable dyes and protein fluorophores to achieve super-resolution images by activating and localizing only an optically resolvable subset of these agents. These stochastic localisation microscopy techniques rely on the detection of spatially isolated fluorophores at any given frame so that their position can be measured with high precision. Currently, most of the ultrasound localisation microscopy techniques use the same idea to form a super-resolution image by localizing spatially isolated microbubbles through multiple frames. Within last five years, several research groups demonstrated the use of this super-resolution method within microfluidic channels, tissue phantoms with microvessels, through an ex vivo human skull model, and pre-clinical mouse models [1] - [6] . Microbubble localization precision as small as 2 − 4 μm was reported using clinically relevant ultrasound frequencies [1] , [7] . These methods require 10-20 minutes of ultrasound acquisition to visualise the microvascular structures due to the slow flow rate in capillaries.
Super-resolution optical fluctuation imaging (SOFI) uses the higher-order cumulants to produce super-resolution images. By generating virtual pixels based on the temporal autocorrelation of pixels, this method can achieve a more precise localisation than the aforementioned methods when the density of activated fluorophores is too high. It is also possible to use a similar approach and a high concentration of microbubbles to form ultrasound super-resolution images. Bar-Zion et al. proposed a model utilizing higher order statistics by acquiring less than a second of high frame rate ultrasound data. They achieved a modest improvement of 50% in spatial resolution with a significantly shorter acquisition time by localization of spatially non-isolated microbubbles [8] . Although this method is more practical, the final resolution of the super-resolution images is not as impressive as methods based on localizing spatially isolated microbubbles.
A low concentration of microbubbles is required to achieve isolated signals in microvasculature, which is especially challenging in cancerous tissue due to high vessel density and slow flow. Therefore, generating a super-resolution image requires a longer acquisition time to cover the same region with spatially isolated microbubbles. In this study, a zero-phase filtering method is used to decompose the microbubble signal into different frequency components. The proposed method takes advantage of the polydisperse nature of commercial microbubble contrast agents with different acoustic signatures to separate spatially non-isolated microbubble signals.
II. MATERIALS AND METHODS

A. Frequency Decomposition
This study utilizes zero-phase filtering for signal decomposition in the frequency domain. Zero-phase filtering was chosen due to the ease of implementation and computational speed.
Conventional methods used to decompose a signal into multiple frequency components introduce phase delays between components. After filtering or decomposing the signal into multiple components different phase shifts might be observed 978-1-5386-3383-0/17/$31.00 ©2017 IEEE between the components with different frequency content. For example, FIR filters have linear phase response. This means the phase delay between the frequency components are changing linearly. For conventional ultrasound imaging this is negligible since reflections from tissue almost have same frequency content. After FIR filtering the echoes from different parts of tissue experiences the same phase shift, which introduces a bias instead of an error. However, when localising microbubbles to below the diffraction limit, even a FIR filter with a linear phase response will introduce a different phase shift between different microbubble signals since they may have a different spectral content.
Therefore, multiple zero-phase filters were implemented by bandpass filtering the signal twice and performing a time reversal operation after each filtering stage. Since time reversal operation in time domain corresponds to complex conjugate in frequency domain, the phase information of the filter is cancelled. This procedure cancels the unwanted phase shifts and hence the time delay between decomposed signals. While imaging the microvasculature, a 40 ns shift between decomposed signals can cause up to 30 μm error in the final superresolution image.
Zero-phase filtering is four stage operation, where a signal x(t) is filtered twice by a bandpass filter with an impulse response of h(t). The stage filters the signal and generates the output Z 1 (ω) as below:
where X(ω) and the H(ω) are the input signal and the bandpass filter in the frequency domain. The second stage performs a time reversal operation as
The third stage applies the same bandpass filter again;
which can be simplified as
The last and the fourth stage performs a time reversal operation again
The overall response of the filter can be represented as
where the phase information of the filter is cancelled after the absolute value operation. Therefore this filtering method is referred to as zero-phase filtering. The user must design the filter h(t) while keeping in mind that the input signal x(t) will be filtered twice. 
B. Experimental Setup
The proposed technique was tested experimentally with a 200 μm internal diameter cellulose tube (Hemophan, Membrana) fixed in paraffin gel. Photograph of the test phantom is shown in Fig. 1 (left) . A 1:6000 times diluted Sonovue (Bracco S.p.A, Milan, Italy) solution was used during the measurements, which is slightly less than the 1000-2000 dilution ratio that is used typically in clinical scans.
The ULA-OP system (MSD Lab, University of Florence, Italy) was used to acquire data using the LA332 imaging transducer (Esaote, Firenze, Italy) [9] . This is a 144 linear array probe with a −6 dB bandwidth ranging from 2−7.5 MHz and a 254 μm element pitch. Although it is possible to further improve the image quality and contrast to tissue ratio by using compounding [10] , this study only used plane wave imaging. A total of 1000 frames were acquired with a pulse repetition frequency of 100 Hz.
The super-resolution image was generated in three steps. The first stage was a spatio-temporal filtering to remove the tissue echoes from the acquired frames and generate a contrast-mode image [11] . The second stage was zero-phase filtering with a frequency range of 2 − 7.5 MHz according to the ultrasound probe bandwidth. The last stage was the super-localization of microbubbles, which was performed as explained in [12] .
The super-resolution image with frequency decomposition was generated in three steps, where the first and the last stages were the same as above. In the second stage, multiple zerophase bandpass filters were applied to cover the frequency range of 2 − 5.5 MHz with a step size of 0.5 MHz. No microbubble signal was observed above 5.5 MHz for this setup.
The velocity maps were generated by tracking the microbubbles within a three frame temporal window and discarding the false trackings with a maximum velocity threshold. Sizes of the capillary tubes from these images were measured by using the function described in [13] . Fig. 2 (top-left) shows the contrast-mode image of two microbubbles inside this capillary flow phantom. Individual microbubbles cannot be localized from this contrast-mode 978-1-5386-3383-0/17/$31.00 ©2017 IEEE image, because their point spread functions overlap. The acquired RF signal was decomposed into different components after beamforming as shown in Fig. 2 (bottom) . After decomposition, two different microbubbles were detected in Fig. 2 (bottom-left) & (bottom-right) at frequency bands of 2.0 − 2.5 MHz and 3.5 − 4.0 MHz respectively. Fig. 2 (top-right) highlights both detected microbubbles in different colours after frequency decomposition.
III. RESULTS & DISCUSSION
After demonstrating the feasibility of the frequency decomposition on a single frame, super-resolution images were generated as shown in Fig. 3 (left) . Fig. 3 (top-left) and (bottom-left) are generated by using 250 acquired frames in 2.5 seconds. A total 365 microbubble localisations were achieved from 250 frames while using the frequency decomposition, where the number of localisations were only 129 for the normal case. After processing 1000 frames, a total of 461 microbubbles were localised without frequency decomposition. Approximately three fold improvement in data acquisition time was achieved with frequency decomposition based on the normalised number of localisations. The localized microbubbles were also tracked to calculate the velocity of the flow inside the tube as shown in Fig. 3 (right) .
It is not easy to evaluate the achieved resolution in the super-resolution images due to two factors. First, the located microbubbles are sparse within the tube and it is therefore hard to find the borders from these images, although the structure of the tube is visible. Second, each located microbubble is represented with a smoothed footprint, which had a full width half maximum of 40 μm. For this reason, the size of the tube is measured from the velocity maps shown in Fig. 3 (right) with an assumption of having laminar flow inside the tube. For laminar flow, the peak velocity is observed at the centre of the tube and it is expected to drop down to 10% of the peak velocity at a distance of r = √ 0.9 × R, which is 94.9 μm for a tube with radius R = 100 μm. This means that a velocity profile corresponding to top 90% of the velocities will be observed in a region with a diameter of 190 μm within the 200 μm tube. Since each plotted line in the velocity map image has a finite line thickness of R = 20 μm, the size of the tube is expected to appear as 210 μm.
The 90% width of the tube was measured according to this assumption as 125 μm and 107 μm from the selected regions A and B of the velocity map image given in Fig. 3  (top-right) . After processing 1000 frames to form the superresolution images (Fig. 3 (middle-right) ), the measured size was 140 μm and 121 μm for the same regions.
For the velocity maps generated by tracking microbubbles after frequency decomposition, the 90% width of the tube was 171 μm and 226 μm for the same regions from in Fig. 3  (bottom-right) . The size of the tube appears approximately 16 μm wider than expected for region B, which might be due to false localizations from partial microbubble signals after using the decomposition method. Although the localisation error is increased after the frequency decomposition, a similar super-resolution image and a velocity map covering most of the capillary tube is achieved from 250 frames (Fig. 3  (bottom) ) instead of 1000 frames for the regular case ( Fig. 3  (middle) ). Reducing the total acquisition time is significant for in vivo imaging, since the accumulated tissue motion increases the error in super-resolution images [14] .
IV. CONCLUSIONS Similar methods based on the detection of single or multiple microbubbles have been previously applied to ultrasound imaging, such as bubble wavelet [15] . Our work shows the feasibility of such a decomposition technique for the first time in super-resolution imaging by detecting two spatially overlapping microbubbles. The ability to separate multiple microbubble echoes is crucial for super-resolution imaging since microbubble concentration is hard to control in vivo.
